Ultrasonic biophysics is the study of mechanisms responsible for how ultrasound and biological materials interact. Ultrasound-induced bioeffect or risk studies focus on issues related to the effects of ultrasound on biological materials. On the other hand, when biological materials affect the ultrasonic wave, this can be viewed as the basis for diagnostic ultrasound. Thus, an understanding of the interaction of ultrasound with tissue provides the scientific basis for image production and risk assessment. Relative to the bioeffect or risk studies, that is, the biophysical mechanisms by which ultrasound affects biological materials, ultrasound-induced bioeffects are generally separated into thermal and nonthermal mechanisms. Ultrasonic dosimetry is concerned with the quantitative determination of ultrasonic energy interaction with biological materials. Whenever ultrasonic energy is propagated into an attenuating material such as tissue, the amplitude of the wave decreases with distance. This attenuation is due to either absorption or scattering. Absorption is a mechanism that represents that portion of ultrasonic wave that is converted into heat, and scattering can be thought of as that portion of the wave, which changes direction. Because the medium can absorb energy to produce heat, a temperature rise may occur as long as the rate of heat production is greater than the rate of heat removal. Current interest with thermally mediated ultrasound-induced bioeffects has focused on the thermal isoeffect concept. The non-thermal mechanism that has received the most attention is acoustically generated cavitation wherein ultrasonic energy by cavitation bubbles is concentrated. Acoustic cavitation, in a broad sense, refers to ultrasonically induced bubble activity occurring in a biological material that contains pre-existing gaseous inclusions. Cavitation-related mechanisms include radiation force, microstreaming, shock waves, free radicals, microjets and strain. It is more challenging to deduce the causes of mechanical effects in tissues that do not contain gas bodies. These ultrasonic biophysics mechanisms will be discussed in the context of diagnostic ultrasound exposure risk concerns. r
Ultrasonic biophysics
Ultrasonic biophysics is the study of mechanisms responsible for how ultrasound and biological materials interact. As shown in Fig. 1 , the study of how ultrasound affects biological materials can be viewed as bioeffect studies that can lead to therapeutic applications and risk assessments for diagnostic ultrasound applications. On the other hand, the study of how tissue affects the ultrasound wave can be viewed as the basis for diagnostic ultrasound imaging. Thus, an understanding of the interaction of ultrasound with tissue provides the scientific basis for image production, therapeutic applications and risk assessment.
Ultrasonic dosimetry (O'Brien, 1978 (O'Brien, , 1986 (O'Brien, , 1992b is concerned with the quantitative determination of the interaction of ultrasonic energy with biological materials, that is, defining the quantitative relationship between some physical agent and the biological effect it produces. To understand more fully ultrasonic dosimetry and ultrasonic interaction mechanisms, it is appropriate to first introduce basic ultrasonic quantities, and then develop common nomenclature. Then, general dosimetric concepts will be presented because a large body of literature and history exists to quantitate the interaction of various propagated energies and biological materials. Ultrasonic dosimetry and its current status will be presented. To conclude, interaction mechanisms, both thermal and non-thermal, are discussed.
Basic ultrasonic quantities
Sound is the rapid motion of molecules. These molecular vibrations transport energy from a transmitter, a sound source like our voice, to a receiver like our ear. Sound travels in waves that transport energy from one location to another. When the molecules get closer together, this is called compression, and when they separate, this is called rarefaction. This mechanical motion, the rapid back and forth motion, is the basis for calling sound a mechanical wave or a mechanically propagated wave.
Acoustic spectrum
We have many perceptions of the nature of sound. The idea of pitch refers to our perception of frequency, that is, the number of times a second that air vibrates in producing sound that we hear. Voices are classified according to pitch in which the lowest frequency is a bass voice and the highest frequency is a soprano voice. This description of frequency, however, is limited to the frequency range, or spectrum, over which human beings can hear sounds. There are sound frequencies below and above what human beings can hear. The acoustic spectrum is shown in Fig. 2a . The lowest frequency classification in the acoustic spectrum is infrasound that has a frequency range less than about 20 Hz. Audible sound is what human beings hear and has an approximate frequency range between 20 Hz and 20 kHz. The ultrasound frequency range starts at a frequency of about 20 kHz. Examples of devices that emit frequencies at the lower frequency end of the ultrasonic spectrum are a dog whistle and industrial ultrasonic cleaners. The frequency designations of the infrasound-audio boundary and the audio-ultrasound boundary are a bit arbitrary because the frequency range over which human beings hear sounds is different between people and additionally changes as a function of age.
Most medical ultrasound equipment operates in the ultrasonic frequency range between 1 and 15 MHz (Fig. 2b) . Therapeutic (physical therapy, high-frequency focused ultrasound and ablation) applications operate around 1 MHz. For most diagnostic applications in abdominal, obstetrical and gynecological ultrasound, and in echocardiography, the frequency range is generally between 2.5 and 7.5 does not have to penetrate very deeply into the body, higher ultrasonic frequencies in the range of 7.5-15 MHz can be used because ultrasonic attenuation increases with increasing frequency.
Acoustic wave types
The classification of sound waves is based on the type of motion that is induced in the medium by the propagating sound wave. For purposes of ultrasonic physics, the lowest level of organization within a fluid (gas and liquid) is called a particle (Pierce, 1981; Kinsler et al., 1982) . The particle is represented in Fig. 3 as dots and can be thought of as a volume of material. Each of these dots consists of millions of molecules and yet each has dimensions of a fraction of an ultrasonic wavelength.
When an ultrasonic wave is propagated within material, the type of wave is classified in terms of the direction the ultrasonic energy is traveling relative to the direction the particle is moving. A longitudinal wave occurs when the particles move back and forth (that is, left to right and back-horizontally in Fig. 3a) relative to the direction of the wave energy that is also moving horizontally. Propagated longitudinal waves travel through all kinds of materials: gases, liquids and solids.
In the case of shear waves, the particles move at right angles to the direction of the wave propagation as shown in Fig. 3b . In this figure, the particles are moving vertically up and down while the wave energy is moving horizontally. Shear waves exist only in solid materials, not in fluids. Shear waves do not exist in soft tissues because soft tissues are approximated as a liquid. Shear waves do, however, travel in harder biological materials such as bone.
The physical and thus ultrasonic properties of tissue are influenced by and composed of water, ions, macromolecules and cells and are a consequence of the chemical structures of fibrous and non-fibrous components. Tissues are divided into various kinds, including epithelial, muscular, connective, nervous, blood, etc. Each of these tissue types has different physical properties. Common to all tissues is a large amount of water. Selected physical properties of pure water at 37 1C (98.6 1F) are listed in Table 1 (Nyborg, 1975) . The physical properties of tissue depend strongly upon water because water makes up almost three-quarters of the entire mass of the human body. The water concentration varies from tissue to tissue with vitreous humor quite high at around 99%, liver at 70%, skin at 60%, cartilage at 30% and adipose as low as 10%.
Acoustic waveforms
The nomenclature of acoustic waveforms is used to define and quantify the ultrasonic wave that interacts with biological materials. Ultrasound travels in waves that emanate from a source. The high crests and low troughs represent specific amplitude values of the wave and correspond to peak compressional and peak rarefactional values. The distance from one crest to the next, or from one trough to the next, has a particular distance associated with it and is called the wavelength and denoted by l in Fig. 4a . The time that it takes for one cycle to occur is called the period (Fig. 4b) . The period (T) is the reciprocal of frequency (f ¼ 1=T).
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The horizontal axis can illustrate either distance ( Fig. 4a) or time (Fig. 4b ). This is an important concept in diagnostic ultrasonic instrumentation. Distance information can be converted to time values, and time converted to distance information. Ultrasonic instruments are constantly performing these conversions in order to display sonographic images. The space (or distance) over which one cycle travels is called the wavelength and the time which one cycle occupies is called the period, that is, wavelength is ''distance/cycle'' and period is ''time/cycle.'' Speed is the constant that relates wavelength (l) to period (T ¼ 1=f ): c ¼ lf . For medical applications, the propagation speed, c, in tissue is typically assumed to be constant at 1540 m/s.
There are two basic generation modes of ultrasound used in medical ultrasound (Fig. 5) . Generation mode means the way in which the ultrasonic wave is ''shaped'' when it is transmitted from the ultrasonic transducer, that is, the waveform's temporal characteristics. One generation mode is to continuously excite the ultrasonic transducer with an electrical sine wave at constant amplitude. This produces a continuous ultrasonic wave at the same frequency as that of the electrical frequency and is termed continuous wave ultrasound (CW mode or CW ultrasound), as shown in Fig. 5a .
Another generation mode is to turn on the ultrasound for a short time duration and turn it off for a much longer time duration and then to repeat this process. This generation mode is accomplished by exciting or shocking the ultrasonic transducer with very short electrical signals, waiting for some time and then repeating the electrical shocking. The ultrasonic waves that are generated are termed pulse wave ultrasound (PW mode or PW ultrasound), as shown in Fig. 5b . If the number of cycles per pulse is N, then the pulse duration (t) is
The ratio of the pulse duration to the pulse repetition period (PRP) is called the duty factor (DF). The DF is the fractional amount of time that the pulse is activated, and given by where PRF is the pulse repetition frequency. For example, if the pulse duration is 1 ms and the pulse repetition period is 1 ms (PRF ¼ 1 kHz), then the duty factor is 0.001, or 0.1%.
A measured 2.5-MHz center frequency ultrasound pulse is shown in Fig. 6 ; note how nonlinear the waveform appears. The maximum value of the ultrasonic waveform, at a magnitude of about 10 MPa, occurs when the particles are compressed (at positive pressure). Thus, this value is called the peak compressional pressure amplitude. The minimum value of the ultrasonic waveform, at a magnitude of about À4 MPa, occurs when the particles are rarefied (at negative pressure). Thus, this value is called the peak rarefactional pressure amplitude, and has the value of 4 MPa (no minus sign).
Acoustic propagation speed, impedance and attenuation
An understanding of the issues related to propagation speed, impedance and attenuation in biological materials are directly applicable to the mathematical descriptions of biophysics mechanisms.
The propagation properties generally used to describe quantitatively the propagation of ultrasound in materials are speed, impedance and attenuation. The propagation of ultrasound is assumed to be an adiabatic process, that is, a process in which heat conduction does not occur. Therefore, the speed at which ultrasonic ARTICLE IN PRESS energy propagates in a fluid is (Pierce, 1981; Kinsler et al., 1982; Hall, 1987) 
where the elastic modulus for an isotropic fluid is B AD , the adiabatic bulk modulus and the medium's density is r. As such, ultrasonic waves propagated in fluids are longitudinal waves. For a gas, B AD ¼ gP 0 , where g is the ratio of specific heats and P 0 is the ambient (equilibrium) pressure, and thus
For a liquid, the elastic modulus is B AD ¼ gB T , where B T is the isothermal bulk modulus and, therefore,
In an isotropic solid, both longitudinal and shear waves are supported wherein their respective propagation speeds are
where Y is the Young's modulus and s is the Poisson's ratio. Because s is less than 0.5, c L is greater than c S .
The specific acoustic impedance of the wave is defined as the ratio of the acoustic pressure to particle velocity. For plane waves, the specific acoustic impedance is
where + is for the positive-going wave and À is for the negative-going wave. For other than plane waves, Z S is generally different, that is, Z S depends upon both the medium and the wave type (plane, cylindrical, spherical, etc) . The rc product is encountered frequently in analytic acoustics and is called the characteristic acoustic impedance (Z) of the medium or simply the acoustic impedance. Only for a plane wave are these two impedances numerically the same. The unit of the acoustic impedance is the rayl (kg/m 2 s), after Lord Rayleigh. Table 2 summarizes the numerical ranges of r, c and Z for the various media.
The classical engineering trade-off of diagnostic ultrasound instrumentation is that between resolution and the depth of the image (or penetration). Both are directly affected by the ultrasonic frequency and attenuation. As frequency is increased, resolution improves and penetration decreases. Resolution improves because the ultrasonic wavelength in tissue decreases (becomes a smaller number). Wavelength is inversely related to frequency; increase one and the other decreases. Solid 1000-10,000 2000-10,000 (L) 10-100 Â 10 6 (L) 1500-5000 (S) 4-50 Â 10 6 (S) L denotes a longitudinal wave and S denotes a shear wave.
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As frequency increases, the ultrasonic attenuation also increases. Penetration is directly affected by tissue attenuation because it is approximately linearly related to frequency. At an ultrasonic frequency of 1 MHz, the attenuation coefficient is approximately 0.7 dB/cm whereas at 2 MHz, it is 1.4 dB/cm. Thus, attenuation coefficient is related to frequency; increase one and the other increases. It can be expressed mathematically by the expression 0.7 dB/cm MHz, a value that approximately represents soft tissue.
Acoustic waveform quantities in a medium
A necessary concept to understand axial (or range) resolution is the distance one cycle (and hence one pulse) occupies in a medium. The distance one cycle occupies in a medium is the wavelength, l ¼ c=f , where c is the propagation speed in the medium. For a repeated pulse waveform (Fig. 5b) , the distance one pulse occupies in a medium is called the spatial pulse length (SPL), that is, the number of wavelengths per pulse where
Axial resolution is the ability to resolve discrete structures along the beam axis. Quantitatively, it is represented as the minimum distance between two structures at different ranges at which both can just be discretely identified as two separate structures. The best axial resolution is represented by the expression
The transducer design affects the minimum number of cycles. More highly damped transducers (also referred to as low Q transducers) produce very few cycles of ultrasound when excited by the pulser voltage. As the frequency increases, and other quantities remain constant, axial resolution improves. The term ''best axial resolution'' has been employed because, in practice, the receiving and processing electronics affect axial resolution, as does the quality of the video monitor. The electronics and monitor are often lumped into the term ''system Q.'' Low-valued system Q's provide better axial resolution than do high-valued ones. As a ''rule of thumb,'' there are Q/2 cycles of pressure contained in the pulse, that is, N ¼ Q=2, which yields
where the quality factor Q is defined as the ratio of the center frequency, f, to the system bandwidth, Df. For a propagation speed of 1540 m/s, best axial resolution ðin mmÞ ¼ 0:77
where Df is in MHz. However, ultrasound images are speckle images and therefore a more representative expression for axial resolution is
where FWHM A is the axial full-width half-maximum length of the pulse in millimeters and Df is in MHz. This expression is also only a function of the system bandwidth but yields a numerical value for axial resolution about 1.8 times greater than the best axial resolution. Thus, the axial resolution improves (its numerical value decreases) when the bandwidth increases. Lateral resolution is the ability to resolve discrete structures perpendicular, or lateral, to the beam axis. Quantitatively, it is represented as the minimum distance between two side-by-side structures at the same range at which both can just be discretely identified as two separate structures. The best lateral resolution is equal to the minimum beam width; the best lateral resolution term is employed here for the same reasons as that of the term best axial resolution. For a focused ultrasonic field, the beam width (BW) ARTICLE IN PRESS at the focus is
where ROC is radius of curvature (in measurement practice ROC is the distance between the source and the center of the focal region, the focal length) and D is the diameter for a circular source or linear end-to-end lengths for a rectilinear source. In imaging terminology, the term ''f-number'' or ''f # '' is often used to quantitative focusing where the lower the f-number value, the better is the focusing. In terms of the full-width half-maximum length, the beam width at the focus is
where FWHM L is the lateral full-width half-maximum length and L is the focal length (basically the same as ROC.
First-and second-order quantities
There are many buzzwords to describe a general class of events such as the terms first-and second-order quantity. Quantity represents what is measured and the value of a quantity is generally expressed as the product of a number and a unit (Table 3) . First-order quantities are known as amplitude quantities and second-order quantities as energy-based quantities ( Table 4) . The basic ideas of first-and second-order quantities are (1) both first-and second-order quantities deal with the transport of energy, (2) all first-order quantities are directly proportional to each other, (3) all second-order quantities are directly proportional to each other, and (4) the product of any two first-order quantities is directly proportional to any second-order quantity.
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Acoustic wave propagation, and the development of its wave and other equations (Morse and Ingard, 1968; Pierce, 1981; Kinsler et al., 1982; Hall, 1987; Ensminger, 1988; O'Brien, 1992a; Blackstock, 2000) , can be approached from the Equation of State which relates the change in density to the change in pressure, the Continuity Equation which relates particle motion to the change in density by invoking conservation of mass and the Momentum Equation (becomes Euler's Equation for a lossless medium at rest) which relates the change in pressure to particle motion through Newton's Second Law of Dynamics by invoking conservation of momentum. These equations and their various forms are:
Equation of State
Continuity Equation
The total or material derivative is
where the first term on the right-hand side is the time rate of change of q (any first-order acoustic variable) the fluid particle would experience if it were at rest (ũ ¼ 0), and the second term is the additional rate of change caused by the particle's movement. Also, p is the acoustic pressure (instantaneous pressure P ¼ P 0 þ p), dr is the excess density (instantaneous density r ¼ r 0 þ dr), B/A is the coefficient of the first nonlinear parameter (Beyer, 1997) , s is the condensation, the fractional change in density (dr/r 0 ) andũ is the particle velocity of a fluid element. Pressure P, velocityũ, density r can be expressed as
where the subscripts indicate the order. For example, P 0 is the zero-order contribution to pressure, p 1 is the first-order contribution that varies sinusoidally for a harmonic (CW) wave at frequency o, and p 2 is the second-order contribution that has both a temporal-dependent component at frequency 2o and a temporalindependent component. Because the fluid is assumed to be at rest, the zero-order contribution toũ is zero. 
First-order quantities
In water and tissue, Z B ðqs 1 =qtÞ5Bs 1 . Thus, the Equation of State becomes p 1 ¼ Bs 1 . Eliminating the order 1 subscripts and noting thatũ ¼ dx=dt, wherex is the particle displacement, by combining these equations for a one-dimensional wave propagating in the x direction yields the one-dimensional lossless wave equation
The one-dimensional lossless wave equation can be described by the particle displacement x(x, t), or can likewise be described by the particle velocity u(x, t), the particle acceleration a(x, t), or the acoustic pressure p(x, t). In terms of the particle displacement, the one-dimensional lossless wave equation traveling in the positive x direction is represented as
where x 0 is the particle displacement amplitude, o is the angular frequency, t is time and k is the wave number (also called the propagation constant). For plane waves, particle velocity, particle acceleration and acoustic (ultrasonic) pressure are determined, respectively, from uðx; tÞ ¼ qxðx; tÞ qt ,
aðx; tÞ ¼ quðx; tÞ qt ,
pðx; tÞ ¼ Àrc 2 qxðx; tÞ qx ,
where Eq. (27) 
where U 0 , A 0 and p 0 are the particle velocity amplitude, particle acceleration amplitude and acoustic (ultrasonic) pressure amplitude, respectively. For the lossy one-dimensional wave equation, the medium's attenuation coefficient is part of the solution wherein xðx; tÞ ¼ x 0 e ÀAx cosðot À kxÞ,
where A is the attenuation coefficient.
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Second-order quantities
When an ultrasound wave propagates in tissue, a mechanical strain is induced, where strain refers to the relative change in dimensions or shape of the body that is subjected to stress. From the second-order contribution to the Momentum Equation (Eq. (17) ), the gradient of P, rP, a force quantity, is
whereF is a temporal and spatial varying force per volume (in N/m 3 ), the volume being a fluid element. Also, ultrasonic wave propagation transports and dissipates energy, and second-order quantities are proportional to energy. Quantitatively, energy is represented in terms of energy density (a scalar) and intensity (a vector). For a plane wave propagating in the x direction, the instantaneous kinetic and potential energies are, respectively,
where u and p are the respective instantaneous values of particle velocity and acoustic pressure.
To evaluate the temporal-average energy density, the one-dimensional, harmonically varying particle velocity is assumed to be
where U op and U on are the particle velocity amplitudes for the positive and negative directed components, respectively, and the one-dimensional, harmonically varying ultrasonic pressure is
where p op ¼ rcU op and p on ¼ ÀrcU on . Therefore, the average energy density is
Intensity is an extremely useful ultrasonic quantity that represents a measure of ultrasonic power flowing (temporal-average rate of flow of energy) at normal incidence to a specified unit area. The intensity concept is generally applied in connection with a traveling plane wave. Further, it is a vector quantity but, because the development herein is confined to a fluid and to the one-dimensional wave equation, vector notation is not used; the direction is known. The instantaneous intensity is defined as the dot product of the ultrasonic pressure and particle velocity but because these two quantities are in phase, the dot product is pu. Its temporalaverage representation is given by
It should be noted that for a standing wave where
on , the temporal-average intensity (a vector) is zero whereas the temporal-average energy density (a scalar) is not.
For a progressive ultrasonic plane wave propagating in only the positive x direction, U 2 on ¼ 0, Eqs. (35) and (36) 
where /ES is the temporal-average energy density (in J/m 3 or N/m 2 ) and I is the temporal-average intensity (in W/m 2 or, more conventionally in ultrasonic biophysics, W/cm 2 ). Combining these results yields
which is a useful expression in terms of measuring ultrasonic intensity and ultrasonic power with radiation force techniques, but only valid for plane waves.
The temporal-average energy density is equivalent to the radiation force (in N) for a perfect absorber in that
where A is the area of the absorber. The product term IA is acoustic power W, thus,
For a perfect reflecting surface, the radiation force is twice that of an absorbing target. If the medium is lossy, and the loss is assumed to be purely absorptive with an absorption coefficient a, then for a one-dimensional wave propagating in the positive x direction, the particle velocity (from Eqs. (25) and (29)) and temporal-average intensity can be described by
where I 0 is the intensity at x ¼ 0. From these two expressions, and the temporal-average value ofF (Eq. (30)), the temporal-average radiation force on the medium is
Dosimetry
Dosimetry is the determination of a dose, or similar type of physical quantity, that characterizes the physical agent as to its potential or actual interaction with the biological material of interest. Ultrasonic dosimetry's objective is to relate magnitudes of specific quantities, such as intensity, acoustic pressure, particle displacement, etc., or perhaps some quantity yet to be developed, to the likelihood of occurrence of a biological alteration. To accomplish this, it is necessary (1) to quantify the output quantity or quantities of the source, (2) to determine the effect of the material on the propagating energy, viz., reflections, refraction, scattering, absorption, etc., and (3) to relate quantitatively the first two items at the site of interest.
Typically, dose connotes something that is given or imparted in a quantitative manner. The history of other radiation forms has documented that defining dose, or dose-like concepts, is difficult, especially when the objective is to include all possible physical and biological variables. More commonly, however, special quantities are developed for the biological action under consideration. In ionizing radiation, for example, dose generally refers to the quantity absorbed dose that has been defined as the energy imparted to matter by ionizing radiation per unit mass of irradiated material at the site of interest (ICRU, 1971; CGPM, 1975 CGPM, , 1976 . But other dose quantities have been defined for specific purposes such as genetically significant dose, cumulative dose, dose equivalent, threshold dose, etc. (BEIR, 1972 (BEIR, , 2005 . In photobiology, dose sometimes refers to the quantity dose of ultraviolet radiation which has been defined as the energy per unit surface area applied to an object (Rupert, 1974) . There has been much discussion regarding microwave dosimetry. Terms such as specific absorption rate, absorbed power density and specific absorption density and energy dose-rate have been used as a basic quantity to describe absorbed electromagnetic energy (Anderson, 1992; Bernhardt, 1992; Grandolfo, 1992; Leonowich, 1992; Sliney, 1992) .
By comparison, the field of ultrasonic dosimetry has not developed nearly to the extent of ionizing radiation dosimetry. The most widely used quantity in ultrasonic bioeffect and biophysical studies is intensity in the unit of W/cm 2 . The principal reason for the use of intensity is, perhaps, convenience because it is understood how it is measured (IEEE, 1990; Lewin and Schafer, 1992) . However, intensity represents many of the same problems as does the ionizing radiation quantity ''exposure'' in that it is not a measure of dose. Yet the majority of bioeffect and biophysical reports use intensity as the measured physical quantity of the ultrasonic field. This extensive literature documents the actions of ultrasound but, in most cases, lacks the necessary characterization of the field at the site of interest. An ideal situation would be to know the instantaneous particle velocity, the instantaneous acoustic pressure and the phase between these two field parameters at the site or sites of interest (O'Brien et al., 1972; O'Brien, 1978 O'Brien, , 1986 O'Brien, , 1992b .
There have been early ultrasonic dosimetric quantities that are noteworthy of comment in that they represent, in concept, the basic approach to dosimetry. The cataract-producing unit, CPU, was a quantity defined as the duration of exposure necessary to produce a grossly observable cataract and expressed in units of seconds (Purnell et al., 1964) . The dosimetric concept damage ability index with the unit second is a quantity intended to describe the effect of ultrasound on spinal cord hemorrhage (Taylor and Pond, 1972) . It has been suggested (Johnston and Dunn, 1976 ) that a universal dosimetric response to ultrasonic exposure may exist for different tissues but the response has only been demonstrated, in a limited manner, in mammalian brain tissue. The response was in terms of energy absorbed per unit volume for histologically observable lesions at superthreshold levels as a function of the delivered intensity. It was shown that at two different ultrasonic frequencies, 3 and 4 MHz, identical constant volume curves resulted even though there were two different threshold levels (Dunn and Fry, 1971) . Later, a damage integral was defined to predict the occurrence and dimensions of thermally induced ophthalmic lesions (Lizzi et al., 1984) .
In another category of ultrasonic dosimetric studies, in utero ultrasonic intensity in both the gravid and non-gravid human uterus has been estimated (summarized in Stewart and Stratmeyer, 1982; NCRP, 1983) . In these early studies, a model of the tissue layers between the skin surface and fetal sac yielded a total attenuation in the range of 2-20 dB at frequencies between 2 and 5 MHz. The distances between the abdominal surface and the uterine cavity in early pregnancy ranged between 2 and 11 cm. In later work (Carson et al., 1989) , similar distances were estimated to be 2.6 cm.
In human-based studies wherein direct in utero ultrasonic pressure measurements were made (Daft et al., 1990; Siddiqi et al., 1991) , the average attenuation was reported to be 6.273.5 dB under full bladder conditions and 7.374.9 dB under empty bladder conditions. Applying the fixed-attenuation tissue model (attenuation dependent upon frequency and independent of distance), and normalizing to the center frequency of 2.4 MHz, the attenuation coefficient was estimated to be 2.5671.47 dB/MHz for the full bladder condition whereas, with the overlying tissue model (attenuation dependent upon frequency and non-fluid distance), the attenuation coefficients were estimated to be 0.8970.71 dB/cm MHz and 0.4570.32 dB/cm MHz, respectively, for full and empty bladder conditions. The mean values for the fixed-attenuation tissue model's attenuation coefficient were about a factor of 3 greater than the values proposed to model the attenuation coefficient by Carson et al. (1989) . FDA's Center for Devices and Radiological Health uses a value of 0.3 dB/cm MHz as a derating factor (a tissue attenuation coefficient) for manufacturers in their 510(k) process to estimate ultrasonic intensity quantities in tissue (FDA, 1985; Harris, 1992) . The measured mean values for the overlying tissue model's attenuation coefficient were a factor of 2-3 greater than the values used by FDA suggesting that FDA's values error on the side of safety.
In general, it is necessary to determine a firm database from which various dosimetric modeling app roaches can be explored. In one approach (Carson et al., 1989) , a worst-case approach was employed to overestimate safety whereas, in another approach (Siddiqi et al., 1991) , the mean values of the results and their distributions were reported so that the scientific community could make the appropriate safety judgments. But for ultrasonic dosimetry, neither an approach to monitor energy absorbed per unit mass nor to monitor the biological danger have yet been developed. The only adopted approach is that developed in the Standard for Real-Time Display of Thermal and Mechanical Indices on Diagnostic Ultrasound Equipment, commonly known as the Output Display Standard (ODS) and its revisions (ODS, 1992 (ODS, , 1998 (ODS, , 2004 , and discussed below under thermal (Section 6) and non-thermal (Section 7) mechanisms.
A brief history
The development of the mechanisms responsible for ultrasound-induced biological effects is closely linked to the unique history of the development of diagnostic ultrasound applications in human medicine and the basis for the development of standards (O'Brien, 1998) . A brief overview of the historical development of ultrasonic biophysics is thus provided. In many cases, the same pioneers whom development ultrasound applications also elucidated the ultrasound biophysical mechanisms.
More than three decades after the 1880 discovery of the piezoelectric effect by the brothers Paul-Jacques and Pierre Curie (Curie and Curie, 1880) , a discovery which revolutionized the production and reception of high-frequency sound, the French scientist Paul Langevin developed one of the first uses of ultrasound for underwater echo ranging of submerged objects with a quartz crystal at an approximate frequency of 150 kHz (Hunt, 1982) . Langevin was, perhaps, the first to observe that ultrasonic energy could have a detrimental effect upon biological material wherein he reported (Langevin, 1917) ''fish placed in the beam in the neighborhood of the source operation in a small tank were killed immediately, and certain observers experienced a painful sensation on plunging the hand in this region.'' Langevin also reported observing incipient cavitation in water when the source was active.
Another decade passed before a more detailed, experimental study was conducted (Wood and Loomis, 1927) to investigate Langevin's (1917) observation. Although the ultrasonic levels were not specified, their experimental studies showed that ultrasonic energy had a range of effects from rupture of Spirogyra and Paramecium to death of small fishes and frogs by a 1-2-min exposure, the latter also observed by Langevin with a Poulsen arc oscillator. Considerable work followed and in the earliest review paper on this subject, Harvey (1930) reported on the physical, chemical, and biological effects of ultrasound in which alterations were produced in macromolecules, microorganisms, cells, isolated cells, bacteria, tissues, and organs with a view towards the identification of the interaction mechanisms. The ultrasonic exposure conditions of these early works were neither well characterized nor reported, but the exposure levels were undoubtedly high.
Ultrasound-induced tissue heating was applied extensively as a therapeutic agent in the 1930s and 1940s. However, while it was clear that ultrasound could effectively heat tissue, and excess enthusiasm resulted in numerous clinical applications being proposed and tried, the inferior clinical experience caused this modality to fall into disfavor (see discussion of 1949 Erlangen resolution (Kremkau, 1979) ). Thus, as Hill (1973) observed of this time, ''it is perhaps unfortunate that the generation of ultrasound proved to be so relatively simple and cheap that a considerable practice was built up.'' Also, during the 1930s and 1940s, with an understanding that ultrasound at sufficient levels could have a dramatic effect on tissues, and produce large temperature increases, the potential for ultrasonic surgery was proposed. This ability to non-invasively burn focal tissue volumes deep in the body using ultrasound was first proposed in 1942 (Lynn et al., 1942 (Lynn et al., , 1944 as a neurosurgery technique. Ultrasound surgery and its biophysical mechanism (heating) were further developed in the late 1940s and early 1950s (Fry et al., 1955) . Also proposed in 1948 and applied in 1952 was the application of ultrasound surgery to destroy the vestibular function to treat the symptoms of Menie`re's disease (Sjoberg et al., 1963) .
While ultrasound exposimetry was inferior in these early times to that possible today, these early bioeffect studies clearly demonstrated that ultrasound, at sufficient levels, could easily destroy biological material. From the earliest considerations that ultrasound might be a feasible energy source for producing images of the human body, it was known that high ultrasonic energy levels had the potential to be hazardous. This information must be kept in mind because many of the early pioneers who were developing ultrasound imaging devices were also cognizant that ultrasound had the potential for disrupting biological materials. Additionally, they were aware from the history of ionizing radiation to be concerned with the potential for hazardous effects. Thus, it must be presumed that there has been a continuing concern of the risk from ultrasound prior to and during the entire period of diagnostic instrumentation development.
During the 1950s and 1960s, the ability to quantify ultrasonic fields improved but only to a limited extent; there were still no nationally based ultrasound measurement standards or procedures. All of the improvements dealt with absolute procedures to quantify second-order quantities, and consisted of ultrasonic intensity via thermocouple probe (Fry and Fry, 1954a, b; Fry and Dunn, 1957; Dunn and Breyer, 1962) and electrodynamic method (Filipczynski, 1967) , and ultrasonic power via radiation pressure and calorimetry (Wells et al., 1963) and radiation pressure balance (Newell, 1963; Kossoff, 1965) .
It should be noted that as early as 1951 (French et al., 1951) , individuals working on the development of diagnostic ultrasound equipment had an awareness of a potential risk to patients. Also in the early 1950s the same investigators active in image system developments were also investigating the nature of ultrasoundinduced tissue damage (Fry et al., 1950 (Fry et al., , 1951 (Fry et al., , 1970 Hueter et al., 1956; Baum, 1956 ), thus demonstrating a concern for the safety of this diagnostic modality.
This period saw only a few advances in our understanding of how ultrasound interacted with biological materials. Perhaps the first major symposium on ''Ultrasound in Biology and Medicine'' was held at the University of Illinois in 1952 to examine phenomena of how ultrasonic energy interacted with and acted upon biological materials. Of the eight papers presented, six were published and dealt with the effects of highintensity ultrasound (Fry, 1953; Wall et al., 1953; Wild and Reid, 1953) or the thermal mechanism of ultrasound Herrick, 1953; Lehmann, 1953) . Two additional symposia were held (June, 1955 (June, , 1962 to address similar issues (Kelly, 1957 (Kelly, , 1965 . This literature laid the basic foundation for the biophysical mechanisms by which ultrasound is known to affect biological materials, viz., thermal and cavitation.
There were scattered reports about ultrasound having an effect on biological systems during this period, but these reports in general did not deal with the types of exposure that would be expected from diagnostic ultrasound equipment, nor did they provide any kind of a consistent message. Two summaries identify a number of these early reports (Reid and Sikov, 1972; Stewart and Stratmeyer, 1982) . However, during the 1950s and 1960s, as diagnostic ultrasound equipment started to be used in clinical medicine, there continued to be concerns about its safety, which could not be dispelled because of the paucity of well-conducted and comprehensive experimental studies.
One interesting observation made in the late 1960s that would wait more than two decades before it would become an active area of basic and clinical research was the identification of the production of cavitation at the tip of catheters when various liquids were injected through the catheter. The cavitation was a primary source of echoes in an echocardiograph image, and the first application of an injected contrast agent was identified (Kremkau, 1969; Kremkau et al., 1970) .
The 15-year period between early 1970s and mid-1980s witnessed the greatest expansion with diagnostic ultrasound imaging capabilities, starting with bistable, static and ending with gray-scale, real-time capabilities. During this period, the ability to quantify ultrasonic fields improved considerably. Perhaps the first intercomparison (between two universities) to assess the absolute measurement of ultrasonic intensity was conducted (Breazeale and Dunn, 1974) ; the comparison was conducted with the elastic sphere radiometer (Dunn et al., 1977) . A major breakthrough of earlier work (Brain, 1924; Fukada, 1968) occurred with Kawai's discovery in 1969 (Kawai, 1969) of the strong piezoelectric effect in polyvinylidenefluoride (PVDF) to measure the temporal characteristics of diagnostic ultrasound fields. Two types of PVDF hydrophones were developed, viz., needle (Lewin, 1981) and membrane (DeReggi et al., 1981; Bacon, 1982; Harris, 1982; Preston et al., 1983) . The US National Bureau of Standards (now the National Institute of Standards and Technology, NIST) developed an ultrasound power transfer standard (Fick et al., 1984) , and the UK National Physical Laboratory developed both a two-transducer reciprocity technique and an optical technique (Smith, 1986) .
This 15-year period had its controversies relative to whether diagnostic ultrasound was safe. Two of the controversies are briefly reviewed to illustrate the level of concern the ultrasound community felt because these reports dealt with the potential of diagnostic ultrasound affecting chromosomes. In 1970 it was reported that ultrasound from a low-output commercial fetal pulse detector-induced aberrations in human lymphocyte chromosomes Davey, 1970, 1972) . Numerous laboratories throughout the world attempted to replicate the findings without success. The matter was brought to closure when, in 1975, the same lead author of the original report was invited to another laboratory in an attempt to duplicate the experiment; they were unable to reproduce the original findings (Macintosh et al., 1975) . In the late 1970s, a report appeared (Liebeskind et al., 1979) which suggested that exposure from a diagnostic ultrasound system showed an increase in human lymphocyte sister chromatid exchange (SCE) frequency (an indication of chromosome damage). Like with the previous chromosomes aberration situation, numerous laboratories throughout the world attempted to replicate the findings. In 1984, the American Institute of Ultrasound in Medicine's Bioeffects Committee carefully and thoroughly reviewed a total of 14 ultrasound-SCE studies and concluded that these studies do not suggest a hazard from exposure to diagnostic ultrasound (Goss, 1984) .
In the early to mid-1970s, there was great uncertainty with respect to the safety of ultrasound as discussed above and what authority and role the US Food and Drug Administration (FDA) would take in terms of regulating diagnostic ultrasound. Regulatory control of diagnostic ultrasound in the United States can be traced to passage of the 1976 Medical Device Amendments to the Food, Drug and Cosmetic Act, but for the several years prior to its passage, the FDA coordinated a classification scheme for all medical devices. There was apprehension among the public, patients, physicians, sonographers, basic scientists, manufacturers, and the government. One of the fundamental difficulties was the lack of an accurate and precise procedure to quantify diagnostic ultrasound equipment outputs. Because of these difficulties, the output levels from diagnostic ultrasound equipment were not well characterized, and human exposure levels could not be compared to results from laboratory experimental studies. In response to this uncertainty, and the lack of a suitable measurement scheme, the American Institute of Ultrasound in Medicine (AIUM), a medical and scientific professional society, and the National Electrical Manufacturers Association (NEMA), a trade organization that represented many of the ultrasound manufacturers, joined efforts in 1976 to develop a voluntary standard that would assure that sufficient information on the characteristics of diagnostic ultrasound equipment was supplied to allow medical personnel to make informed judgments regarding the application of this equipment to patients. The Safety Standard for Diagnostic Ultrasound Equipment (AIUM/ NEMA, 1983) was developed over a 5-year period and set forth precise definitions, output measurement procedures and labeling requirements related to those characteristics of ultrasound equipment that were believed at that time to pertain to patient exposure and safety. The voluntary standard's labeling requirements called for manufacturers to make available (publicize) to the ultrasound community the maximum values of the following ultrasonic quantities: ultrasonic power; spatial peak, temporal average intensity (I SPTA ); and spatial peak, pulse average intensity (I SPPA ). The labeling requirements were based on the philosophy that there was a potential risk from diagnostic ultrasound exposure and included those quantities whose magnitudes were known or believed to be related to actual damage or to risk of damage to biological tissues; they were the quantities most often reported in the basic science literature to relate the strength of ultrasound to the production of biological effects in laboratory experimental studies. The voluntary standard did not specify upper limits.
In the early1980s, the pioneering observations by Apfel (1981a Apfel ( , 1982 Apfel ( , 1986 , Flynn (1982) and Flynn and Church (1988) from their mathematical models to describe the dynamic behavior of small bubbles (or microbubbles) in liquids suggested the strong possibility for transient cavitation (now termed inertial cavitation) to occur from microsecond pulses of ultrasound. This opened up the scientific debate that cavitation in tissue might occur from diagnostic ultrasound exposures.
Also in the early 1980s, the assessment of diagnostic ultrasound risk was addressed by two major activities. One of the activities was sponsored by the US National Institutes of Health consensus development conference processes (NIH, 1984) by convening an expert panel of physicians, basic scientists, epidemiologists, nurses, educators, and sonographers to provide answers to specific questions related to safety and efficacy of diagnostic ultrasound in obstetric practice. The document indicated that the increasing use of ultrasound during pregnancy is safe and effective for 28 medical conditions. This was, perhaps, the first time that the issue of diagnostic ultrasound efficacy was critically reviewed. Also, this process recommended against routine scanning of the embryo and fetus. Further, it was suggested that while diagnostic ultrasound does not appear to be associated with any known hazards, investigators should continue to evaluate risks.
The other activity was conducted under the auspices of the National Council on Radiation Protection and Measurements (NCRP, 1983) . The document rigorously covered the basic physics of ultrasound with an emphasis on medical ultrasound fields and on the quantification of various ultrasonic field quantities to which humans were exposed during the course of an ultrasound examination. Also included were mechanisms by which ultrasound interacts with biological material and effects caused by ultrasound on biological materials such as plants, animals, and in vitro systems. Finally, this document set forth a number of recommendations that fell into the categories of research needs, industrial practices, education, and exposure criteria. It is interesting that a number of the recommendations were consistent with those put forth by the Workshop on the Interaction of Ultrasound and Biological Tissues (Reid and Sikov, 1972 ) a decade earlier.
When the FDA initiated the regulation of diagnostic ultrasound equipment in the mid-1980s (FDA, 1985) , it set application-specific intensity limits in their 1985 ''510(k) premarket notification'' which manufactures could not exceed (Table 5) . This notification is used by the FDA to determine if the new devices are substantially equivalent, in safety and effectiveness, to diagnostic ultrasound devices on the market prior to May 28, 1976, the date when the Medical Device Amendments were enacted. The exposure quantities required by FDA were, in part, similar to those in the Safety Standard for Diagnostic Ultrasound Equipment voluntary standard's labeling requirements (AIUM/NEMA, 1983). However, the limits were not based on safety considerations but rather on the maximum output limits of known diagnostic ultrasound equipment at the time when the Medical Devices Amendments were enacted, in May, 1976; hence the term pre-amendments levels .
To emphasize the date-base regulation approach as opposed to the safety-and efficacy-base regulation approach of the FDA, the American Institute of Ultrasound in Medicine notified the FDA in mid-1986 mid- (AIUM, 1986 ) that there existed prior to May 28, 1976 at least two diagnostic ultrasound devices (pre-enactment ultrasound devices) with intensity levels greater than those listed in Table 5 . In early 1987, the FDA updated their diagnostic ultrasound guidance to higher intensity levels (FDA, 1987) to those listed in Table 6 . The date-based regulation approach has been criticized by technical, scientific, and medical professionals, as well as by the diagnostic ultrasound industry (Merritt, 1989) because of the implication that these arbitrary limits are safety based, and because they could limit future clinical benefits by preventing the development of more advanced diagnostic ultrasound systems, and hence greater clinical benefit, that may require higher output levels. Further, it must be recognized that limited diagnostic ultrasound capabilities may, in fact, be responsible for greater risk to the patient due to either an inadequate diagnosis, or to the use of an additional diagnostic procedure with a defined risk.
Within the past decade or so, there have been substantial improvements, through national and international efforts, in our understanding to identify the biological interactions diagnostic ultrasound exposures may have with soft tissues, including both thermal (NCRP, 1992; WFUMB, 1992; AIUM, 1993) and acoustic cavitationlike (AIUM, 1993 (AIUM, , 2000 WFUMB, 1996) phenomena. These reports have provided, in part, the basis for the development of a new approach to regulate diagnostic ultrasound equipment (see Sections 6.2 and 7.1). It had been long thought that diagnostic ultrasound exposures could not produce biological damage. However, in the early 1990s, based on initial observations in the late 1980s from lithotropsy experiments, diagnostic ultrasound-type pulses at diagnostic pressure levels have produced significant damage (lung hemorrhage) in mice, rats, rabbits, and monkeys, the first observation being in mice (Child et al., 1990) . There are open questions yet about whether this effect occurs in humans.
ARTICLE IN PRESS
Ultrasonic biological effect studies and biophysical research have shown that ultrasound can produce changes in living systems. The AIUM/NEMA Ultrasound Safety Standard for Diagnostic Ultrasound Equipment (AIUM/NEMA, 1983) and AIUM Acoustic Output Measurement and Labeling Standard for Diagnostic Ultrasound Equipment (AIUM/NEMA, 1992) labeling requirements were based on the philosophy that there is a possible risk from diagnostic ultrasound exposure. The specific labeling requirements of these and other (Harris, 1992) safety standards were selected to include those quantities whose magnitudes are known or believed to be related to actual damage or to risk of damage to biological tissues as a result of ultrasonic irradiation.
The basis for this rationale lies in an understanding of the mechanisms by which it is known that ultrasound can affect living systems. Such knowledge comes from fundamental laboratory studies (O'Brien, 1984 (O'Brien, , 1991 O'Brien and Withrow, 1985) . These mechanisms are classified and discussed in terms of whether heat is or is not believed to be the principal cause for the biological effect. The applicable ultrasonic exposure quantities are identified during the course of this discussion. Both thermal and non-thermal mechanisms are considered.
Thermal mechanism
Whenever ultrasonic energy is propagated into an attenuating material such as tissue, the amplitude of the wave decreases with distance. This attenuation is due to either absorption or scattering. Absorption is a mechanism that represents that portion of the wave energy that is converted into heat, and scattering can be thought of as that portion which changes direction. Because the medium can absorb energy to produce heat, a temperature increase may occur as long as the rate at which heat is produced is greater than the rate at which the heat is removed (O'Brien, 1978; NCRP, 1983 NCRP, , 1992 NCRP, , 2002 . The thermal mechanism is relatively well understood because increase in temperature produced by ultrasound can be calculated using mathematical modeling techniques (Robinson and Lele, 1972; Nyborg, 1975 Nyborg, , 1981 Lerner et al., 1973; O'Brien, 1984, 1985; Nyborg and Steele, 1983; Nyborg and O'Brien, 1989; Curley, 1993; Lubbers et al., 2003) and has been estimated for a variety of exposure conditions (NCRP, 1983 (NCRP, , 1992 .
In tissue, at the site where the ultrasonic temporal-average intensity is I TA , the rate of heat generation per unit volume is given by the expression (Nyborg, 1981; Cavicchi and O'Brien, 1984 )
where
where a is the ultrasonic amplitude absorption coefficient which increases with increasing frequency, p and p* are the instantaneous ultrasonic pressure and its complex conjugate, respectively, r is density and c is sound speed. The product of p and p* is equal to the ultrasonic pressure amplitude squared, p 2 0 , at the specific location in the medium where _ Q is determined and can be thought of as a temporal-average quantity. The temporal-average intensity is not necessarily at the location where it is maximized, that is, at the spatial peak location. If it were, however, then I TA (Eq. (46)) would be the spatial peak, temporal peak intensity I SPTA , which would maximize _ Q for that tissue site. AIUM's Statement on Mammalian In vivo Ultrasonic Biological Effects (Table 7) , sometimes referred to as the 100 mW/cm 2 Statement, is a generalization about the state-of-affairs with respect to an intensity-time limit (in terms of I SPTA ) below which there have been no independently confirmed significant biological effects in mammalian tissues (AIUM, 1988) .
For a given I TA , the maximum temperature increase DT max, under the assumption that no heat is lost by conduction, convection, or any other heat removal processes, is approximately described by )
where Dt is the time duration of exposure and C v is the medium's heat capacity per unit volume. This formula is valid only for short exposure times; for longer exposure times, heat removal processes become significant. Nonetheless, as a ''ballpark estimate,'' using the intensities from the AIUM Statement in Table 7 
which means that for a 1 s exposure, DT max would be about 0.012 and 0.12 1C. If the exposure duration were longer than 1 s, the temperature would continue to increase but at a progressively slower rate, until the rate of heat generation was about the same as the rate of heat removal.
To estimate the temperature increase from a single pulse for clinical, diagnostic pulse-echo instrumentation, the local, single pulse intensity of Eq. (45) is considered to be the spatial peak value averaged over the duration of the pulse, that is, the spatial peak, pulse average intensity, I SPPA . For typical instrumentation, a maximum value of I SPPA may be as high as 500 W/cm 2 . Thus, the maximum time rate of change of temperature is
but, with a diagnostic pulse duration, Dt, of approximately 2 ms, the maximum temperature rise, DT max E120 m1C. However, in the case of high-intensity focused ultrasound (HIFU) for which the pulse duration may be as long as 3 s (ter Haar, 2004), Eq. (49) clearly demonstrates that the temperature increase could exceed levels sufficient to ablate tissue. In living tissue, heat transfer occurs partly by perfusion (i.e., blood flow) and partly by conduction (also called diffusion). A widely used thermal model for tissue is the bioheat transfer equation (Pennes, 1948) , a formulation that includes a source/sink term that accounts for heat transfer from blood perfusion, that is,
where qT/qt is the rate of temperature increase at a point, k is the thermal diffusivity, T is the temperature, DT is the temperature increase above ambient, and t is the perfusion time constant. Even though the bioheat transfer equation has shortcomings (Weinbaum et al., 1984) , it is easy to implement analytically and is perhaps the most widely used thermal model of living tissue. Analyses based on the bioheat transfer equation (NCRP, 1983; Curley, 1993) were used to develop some of the ODS's thermal indices (ODS, 2004) . A review of bioeffects data supports the following statement:
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In the low megahertz frequency range there have been (as of this date) no independently confirmed significant biological effects in mammalian tissues exposed in vivo to unfocused ultrasound with intensities a below 100 mW/cm 2 , or to focused b ultrasound with intensities below 1 W/cm 2 . Furthermore, for exposure times c greater than one second and less than 500 s for unfocused ultrasound, or 50 s for focused ultrasound such effects have not been demonstrated even at higher intensities, when the product of intensity and exposure time is less than 50 joules/cm 2 . a Free-field spatial peak, temporal average (SPTA) for continuous wave exposures, and for pulsed-mode exposures with pulses repeated at frequencies greater than 100 Hz.
b Quarter-power (À6 dB) beam width smaller than four wavelengths or 4 mm, whichever is less at the exposure frequency. c Total time including off-time as well as on-time for repeated pulse exposures.
There have been several studies to calculate the temperature increase in mammalian tissue from ultrasonic exposure and some of them have shown to compare favorably with experimental results (Pond, 1968 (Pond, , 1970 Robinson and Lele, 1972; Lerner et al., 1973; NCRP, 1983; Nyborg and Steele, 1983; Cavicchi and O'Brien, 1985; AIUM, 1988 AIUM, , 1993 AIUM, , 2000 Smith et al., 1995) . These studies demonstrate that selected aspects of the theory are reasonably well understood. But there are still many unanswered concerns in terms of being able to assess in vivo temperature increase.
Thermal dose concept
Healthy cellular activity depends upon chemical reactions occurring at the proper location at the proper rate. The rates of chemical reactions and thus of enzymatic activity are temperature dependent. The overall effect of temperature on enzymatic activity is described by the relationship known as the 101 temperature coefficient, or Q 10 Rule (Hille, 2001) . Many enzymatic reactions have a Q 10 near 3 which means that for each 10 1C increase in temperature, enzymatic activity increases by a factor of 3; a more physical description of ratedependent temperature effects is the Arrhenius activation energy concept (Henle, 1983; Sapareto and Dewey, 1984; Dewey, 1994; Dewhirst et al., 2003) . An immediate consequence of a temperature increase is an increase in biochemical reaction rates. However, when the temperature becomes sufficiently high (i.e., approximately X45 1C), enzymes denature. Subsequently, enzymatic activity decreases and ultimately ceases, which can have a significant impact on cell structure and function.
If damage occurs during exposure of tissue(s) to elevated temperature, the extent of damage will be dependent upon the duration of the exposure as well as on the temperature increase achieved. Detrimental effects in vitro are generally noted at temperatures of 39-43 1C, if maintained for a sufficient time period; at higher temperatures (444 1C) coagulation of proteins can occur. These effects have been documented in experimental studies of heat-induced cell death in cultures of normal and cancerous cell lines. The lethal (100% destruction) dose (LD 100 ) for HeLa cells exposed to different temperatures for differing durations has ranged from 41 1C for 96-h duration to 46 1C for 30-min duration (Selawry et al., 1957; Hornback, 1984) . These findings are comparable to the time-temperature relationship to destroy 50% (LD 50 ) of sarcoma-180 tumor cells in mice (Crile, 1961; Hornback, 1984) ; from 42 1C for 2-h duration to 46 1C for 7.5-min duration.
These observations suggest a logarithmic relationship between time and temperature for death due to a temperature increase. Dickson and Calderwood (1980) have indicated a similar relationship for time vs. temperature for thermal-induced death of tumors and normal animal and human tissues. Important points addressed in this study are: (1) at 40 1C long-duration exposures (5-100 h) are required for thermal-induced cell death, and (2) at temperatures appreciably below 40 1C there are no irreversible adverse effects detected.
An empirical formula, based on a large number of studies involving the thermotolerance of cells and tumors, relates the time, t (in min), required to produce an isoeffect (e.g., a given amount of cell killing) to the time (t 43 ) which would be required had the exposure occurred at a reference temperature of 43 1C, that is,
where R ¼ 0:5 for T443 1C and R ¼ 0:25 for Tp43 1C (Henle, 1983; Sapareto and Dewey, 1984; Dewey, 1994; Dewhirst et al., 2003) . Theoretical considerations based on reaction kinetics (thermodynamic Arrhenius analyses) led to the prediction that the temperature dependence of the rate of protein denaturation is determined primarily by the activation energy. The quantity R is an expression of the relative increase in reaction rate for a 1 1C increase in temperature. The rationale for there being two ''R'' values is based upon the empirical determinations of R for a number of biological systems and endpoints (Dewey et al., 1977; Dewey, 1984, 1994; Dewhirst et al., 2003) . In these systems, R-values ranged from 0.4 to 0.8, with 0.5 being the most common value, for temperatures above 43 1C. The few studies performed at temperatures p43 1C indicate that the R-value is approximately one-half of the value obtained at the higher temperatures. By using Eq. (51), the empirical relationship derived by Sapareto and Dewey (1984) , an equivalent t 43 can be ascribed to any combination of temperature and exposure duration. It also follows that any given biological effect due to hyperthermia can be characterized by that t 43 value of the causative exposure. The lowest t 43 value giving rise to some effect would be considered the threshold. Miller and Ziskin (1989) estimated that the t 43 was greater than 1 min for each teratologic observation in their study (the lowest t 43 for any effect was 1.9 min for the production of exencephaly in the mouse (Webster and Edwards, 1984) Fig. 7) ; the applicable exposure duration ranged between 1 and 250 min. For non-fetal tissues a range of t 43 values has been reported. Results for breast (Lyng et al., 1991) and other tissues (Dewey, 1994) are summarized in Table 8 . It should be noted that some of the data were garnered using animal models, whose core temperatures are higher than 37 1C, implying that the temperature increase necessary to achieve a particular thermal dose would be lower than would be the case with humans (Miller and Dewey, 2003; Herman and Harris, 2003) . Adjustments in the t 43 as applicable to humans might have to be made. (Lyng et al., 1991; Dewey, 1994 More generally,
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where t is the time (in min) corresponding to the threshold for a specific bioeffect which results from exposure to a temperature T (in 1C). Also, R ¼ 0:5 for T443 1C and R ¼ 0:25 for Tp43 1C. This equation explicitly states the relationship between temperature and exposure duration on the boundary line. Fig. 7 shows the temperature-time curves for 4 values of t 43 (see Eq. (54)). The lower curve (t 43 ¼ 1 min) represents that estimated for fetal tissues for t41 min (Miller and Ziskin, 1989; AIUM, 1997) . The other three curves, based on Table 8 t 43 values (10, 100 and 240 min), represent non-fetal tissues that are less sensitive to tissue damage from temperature. Note that the temperature values for an exposure duration of 1 min are 43.0, 44.7, 46.3 and 47 .0 1C for t 43 values of 1, 10, 100 and 240 min, respectively. Based on the values in Table 8 , the t 43 ¼ 1 min plot represents a conservative, tissue non-specific boundary for assessing thermal safety for nonfetal exposures.
For very short exposure times, the hyperthermia literature shows only limited (Borrelli et al., 1990 ) t 43 thermal dose data points for exposure durations of less than 1 min. Two aspects of single-burst in vivo threshold lesion studies in brain (Fry et al., 1970; Dunn and Fry, 1971; Lerner et al., 1973) and liver (Chan and Frizzell, 1977; Frizzell et al., 1977; Frizzell, 1988) are germane to the thermal dose issue for exposures less than a few seconds. The threshold lesion curve for cat brain is described by the expression It 0:5 ¼ 350 Ws 0:5 =cm 2 over for exposure durations between 0.3 ms and 300 s. The threshold lesion curve for cat and rabbit liver is described by the expression It 0:5 ¼ 460 Ws 0:5 =cm 2 over for exposure durations between 3 ms and 35 s. I is the spatial peak intensity (in W/cm 2 ) and t is exposure duration (in sec). Thus the first aspect is that liver has a higher threshold than brain, consistent with the t 43 thermal dose trend for brain and liver in Table 8 . The second aspect is that for the brain threshold studies, an estimate was made of lesion temperature increase DT, yielding, at 6 MHz, DT/I estimates (interpolated from Fig. 4 in Lerner et al., 1973) Fig. 8 ; also see Table 9 ).
In addition, there have been a number of documents that have reported threshold-based data for singleburst exposure durations as low as 100 ms (Table 9 ). These data are graphically shown in Fig. 8 .
These data (Table 9) suggest that for non-fetal soft tissue, and for scanning conditions consistent with conventional B-mode ultrasound exams for which the exposure durations at the same in situ location would be less than a few seconds, the allowable maximum temperature increase could be relaxed relative to longer exposures. Table 9 .
Output display standard: thermal indices
A diagnostic ultrasound educational activity was initiated with a workshop in June, 1988. This workshop set out certain principles which resulted in the initiation of a 3-year process involving numerous clinicians, scientists, engineers and government regulators from many organizations; this group finalized and approved, in 1992, the Standard for Real-Time Display of Thermal and Mechanical Indices on Diagnostic Ultrasound Equipment, commonly referred to as the ODS (ODS, 1992). The purpose of this voluntary standard was to provide the capability for users of diagnostic ultrasound equipment to operate their systems at levels much higher than previously had been possible in order to have the potential for greater diagnostic capabilities; the standard did not specify any upper limits. In doing so, the possibility existed for the potential to do harm to the patient. Therefore, two biophysical indices were provided so that the equipment operator has real-time information available to make appropriate clinical decisions, viz., benefit vs. risk, and to implement the ALARA (As Low As Reasonable Achievable) principle (NCRP, 1990) , that is, the ODS provides for a realtime output display which gives the user information about the potential for temperature increase (the Thermal Index (TI)) and mechanical damage (the Mechanical Index; see Section 7.1) In the early 1990s, FDA implemented the ODS (ODS, 1992; FDA, 1993 FDA, , 1994 FDA, , 1997 . While the ODS (ODS, 1992) did not specify upper limits, FDA's implementation (FDA, 1997) of the ODS stipulated regulatory upper limits of 720 mW/cm 2 for the derated (0.3 dB/cm MHz) spatial peak, temporal average intensity, I SPTA.3 , and either 1.9 for the Mechanical Index, MI or 190 mW/cm 2 for the derated (0.3 dB/cm MHz) spatial peak, pulse average intensity, I SPPA. 3 . There is, however, an exception for ophthalmic application for which I SPTA.3 p50 mW/cm 2 and MIp0.23 (FDA, 1997) . In addition, FDA (1997) requires the manufacturer to justify TIs greater than 6. The ODS has been revised (ODS, 1998 (ODS, , 2004 , but FDA's regulatory upper limits have not changed.
The TI provides information about tissue temperature increase. This development addresses the thermal mechanism and closely related to the thermal mechanism is the TI. The basic TI definition is (ODS, 2004) Henle (1983) a Minimum time value is that reported in the article. b Maximum time value was truncated to fit the curve.
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where W 0 is the source power of the diagnostic ultrasound system and W DEG is the source power required to increase the tissue temperature 1 1C under very specific and conservative conditions. Three different Thermal Indices were developed to address three different tissue models and two different scan modes, that is, the softtissue Thermal Index (TIS), the bone Thermal Index (TIB), and the cranial-bone Thermal Index (TIC). The unscanned-mode is typically used clinically for spectral Doppler and M-Mode where the ultrasound beam remains stationary for a period of time. Also, the unscanned-mode soft-tissue TI, as well as TIB, are the only TI quantities that attempt to estimate temperature increase at locations other than at or near the source surface. The others estimate temperature increase at or near the source surface. (Fig. 9) for which the aperture's x-length direction is the axis that is focused (y-length direction not focused) to an appropriate ROC to yield 3 f-numbers (ROC/x-length ¼ 1, 2, and 4). Six frequencies (1, 3, 5, 7, 9 and 12 MHz) were evaluated (99/frequency), yielding 594 cases.
For all 786 cases, the medium was assumed to be homogeneous in terms of both acoustic and thermal properties). The attenuation coefficient (also referred to as a derating factor) and absorption coefficient were both 0.3 dB/cm MHz, density was 1000 kg/m 3 , propagation speed was 1540 m/s, tissue perfusion length was 1 cm and tissue thermal conductivity was 6 mW/cm 1C. These were the values used in the ODS (ODS, 1992 (ODS, , 1998 (ODS, , 2004 and the values used herein for the evaluation of the unscanned-mode TIS. They were also the values used to compute the maximum steady-state temperature increase (DT max ) and its axial location. Also, all results reported herein are based on the derated spatial-peak, temporal-average intensity I SPTA.3 of 720 mW/cm 2 , FDA's (1997) regulatory limit. Figs. 10 and 11 directly compare the 192 circular source DT max -TIS pairs as a function of frequency and f/number, respectively. TIS generally underestimates (is less than) DT max for f-numbers p2, conditions for which DT max p0.30 1C and TISp0. 40 . This suggests that for transmit f-numbersp2, TIS would not need to be displayed according to the ODS display requirements. With the exception of the longer-focus, larger-diameter, higher-frequency sources, TIS generally tracks DT max for f-numbersX3. These exceptions suggest a breakdown of the ODS procedures for calculating TIS.
Figs. 12 and 13 directly compare the 594 rectangular source DT max -TIS pairs as a function of frequency and f/number, respectively. TIS overestimates (is greater than) DT max for all but one of the cases.
The ODS process does not specify the location of DT max . Figs. 14 and 15 show the relationship between DT max and its location (axial distance) for the circular and rectangular sources, respectively, as a function of f-number (the same 3 f-numbers are shown for direct comparison). And, Figs. 16 and 17 show the relationship Fig. 9 . Dimensions of the 33 rectangular aperture cases investigated. Fig. 12 . Paired maximum steady-state temperature increase DT max vs. unscanned-mode soft-tissue Thermal Index (TIS) for rectangular sources grouped by frequency under the condition that the derated (0.3 dB/cm MHz) spatial-peak, temporal-average intensity I SPTA.3 is 720 mW/cm 2 . between ROC and its axial distance locations of DT max for the circular and rectangular sources, respectively, as a function of f-number. For all 786 cases, the axial distance locations of DT max are less than the ROC, the geometric focus location. As frequency increases for the lower f-number cases, the axial distance locations of DT max move closer to the geometric focus. However, for the higher f-number cases in each frequency set for fX3 MHz, the axial distance locations of DT max jumps to near the transducer surface. This behavior, also reported by Thomenius (1990) , becomes more prevalent at higher frequencies and larger source diameters. Thus, the DT max location is not necessary near the skin surface. In scanned modes, however, the focal energy is distributed over a large area and hence will tend to have lower spatial intensities than unscanned modes. With the recent introduction of real-time three-dimensional scanners, the focal energy will be distributed over two dimensions that should result in further reduction in relevant focal intensities. However, there will be an added concern of near-field heating. Near-field heating could be exacerbated by transducer self-heating (Duck et al., 1989) . At this point it is believed that the development of a new index to cover these cases is not indicated in view of the regulatory mechanisms that are already in place for transducer surface temperatures.
The ODS process does not take into account the temporal dependency of the temperature increase. An evaluation of the temporal dependency of temperature increase was conducted for the circular sources of three source diameters (1, 2 and 4 cm) at two frequencies (2 and 7 MHz) for five f-numbers (f/1, f/2, f/3, f/4 and f/5); Fig. 18 shows t 80% , the time when the temperature increase reaches 80% of its steady-state value at that axial distance, for two source diameters (1 and 4 cm). Each t 80% profile follows the same general pattern as a ARTICLE IN PRESS function of axial distance. For each of the 7-MHz cases, the axial distances of the minimum t 80% values are, in general, near the respective focal regions. However, for the 2-MHz cases, the axial distances of the minimum t 80% values tend not to be near the respective focal regions but rather closer to the transducer. Also, the minimum t 80% values increase as a function of increasing f-number, and decrease as a function of increasing frequency. The global minimum t 80% values are 97.2 and 59.7 s for the fifteen 2-MHz and fifteen 7-MHz cases, respectively, both of which are for the 1-cm-diameter, f/1 cases.
Output display standard: possibly better thermal indices
The TIs in use today were developed more than 14 years ago (ODS, 1992) . While the ODS has been revised twice (ODS, 1998 (ODS, , 2004 , the TI equations have not changed. indicate that there could be improvements. There has been one effort to improve the unscanned-mode TIS. The database used was the same as that used to develop for the 594 rectangular source cases (O'Brien et al., 2004a) , and yielded two new TIS expressions: 
ARTICLE IN PRESS Fig. 18 . t 80% profiles as a function of axial distance for the 2-MHz (gray) and 7-MHz (black) cases for circular sources under the condition that the derated (0.3 dB/cm MHz) spatial-peak, temporal-average intensity I SPTA.3 is 720 mW/cm 2 . where W 0 is the source power in millwatts (in mW), f c is the center frequency in megahertz (in MHz) and A aprt is the active aperture area (in cm 2 ) (see Fig. 19 ). In both models, only the source power and frequency need to be measured; they can adequately be measured (AIUM/NEMA, 1998). The only difference between TIS new(1) and TIS new (2) is the degree of agreement with DT max that might be required.
Non-thermal mechanisms
Both first-and second-order quantities have been implicated in non-thermally produced biological effects (NCRP, 2002) . The non-thermal mechanism that has received the most attention is acoustically generated cavitation, principally from ultrasound contrast agent microbubbles. Excellent reviews of cavitation have been published (Flynn, 1964 (Flynn, , 1975a (Flynn, , b, 1982 Nyborg, 1965 Nyborg, , 1975 Coakley and Nyborg, 1978; Apfel, 1981b; NCRP, 1983 NCRP, , 1992 NCRP, , 2002 Leighton, 1994; ter Haar and Duck, 2000; AIUM, 2000; Suslick, 2001; Hoff, 2001) . Effects have been also attributed to radiation force. There is also a class of ultrasound-induced biological effects that have not yet been determined to be due to either thermal or a specific non-thermal mechanism.
Output display standard: mechanical index
The Mechanical Index, MI, is defined as
ARTICLE IN PRESS Fig. 19 . Paired maximum steady-state temperature increase DT max vs. the proposed unscanned-mode soft-tissue Thermal Indices (TIS new(1) and TIS new (2) ) for rectangular sources grouped by f-number under the condition that the derated (0.3 dB/cm MHz) spatial-peak, temporal-average intensity I SPTA.3 is 720 mW/cm 2 . where p r.3 is the derated peak rarefactional pressure in MPa (megapascals) and f is the ultrasonic frequency in MHz. The derating factor (attenuation coefficient of soft tissue) is assumed to be 0.3 dB cm MHz. The development of the Mechanical Index was based on theoretical and in vitro experimentation by investigators (Holland and Apfel, 1989; Apfel and Holland, 1991) who discovered a simple relationship between acoustic pressure and the onset of cavitation under an assumption that the optimum bubble size is present. The theory assumed isothermal growth, adiabatic collapse, an incompressible host fluid and neglected gas diffusion into the bubble, and the experiments were conducted in an aqueous medium, not tissue. These observations were the basis for the adoption of the MI (ODS, 1992).
Radiation force
Within recent times, a number of ultrasound diagnostic techniques have emerged that use the static or dynamic acoustic radiation force to locally move and/or vibrate tissue including acoustic radiation force impulse imaging (Nightingale et al., 1995 (Nightingale et al., , 2001 , vibro-acoustography Greenleaf, 1998, 1999) , supersonic shear imaging (Bercoff et al., 2004) . Generally, these techniques utilize the ultrasound-induced temporal-average force on the medium (Section 3.2) to elicit a biophysical effect (tissue motion). The magnitude of the effect is proportional to the local temporal-average intensity. Whether there are other biophysical effects (risk-related temporary or permenant tissue responses) have not been extensively studied.
However, the ultrasound-induced temporal-average force has been implicated as a mechanism associated with tactile response (Gavrilov et al., 1977a, b; Gavrilov, 1984; Magee and Davies, 1993; Dalecki et al., 1995) , auditory response (Foster and Wiederhold, 1978; Tsirulnikov et al., 1988) , increased fetal activity (Arulkumaran et al., 1991 (Arulkumaran et al., , 1996 Fatemi et al., 2001) , bone repair (Dyson and Brookes, 1983; Wang et al., 1994 Wang et al., , 2001 , cardiac changes in frogs (Dalecki et al., 1993 (Dalecki et al., , 1997a , movement of detached retinas (Lizzi et al., 1978) and macroscopic streaming to differentiate between cystic and solid tumors (Stavros and Dennis, 1993; Nightingale et al., 1995) . Other than those responses related to macrostreaming (Nyborg, 1953 (Nyborg, , 1965 , there is a limited association, possibly only speculative, between the response and radiation force.
Cavitation without injected microbubbles
When an ultrasound wave propagates in tissue, a mechanical strain is induced, where strain refers to the relative change in dimensions or shape of the body that is subjected to stress. The strain is significant near gas or vapor bubbles, hence the interest in ultrasound-induced cavitation. Cavitation, in a broad sense, refers to ultrasonically induced activity occurring in a liquid or liquid-like material that contains bubbles or pockets containing gas or vapor. These bubbles originate within materials at locations termed ''nucleation sites,'' the exact nature and source of which are not well understood in a complex medium such as tissue. Under ultrasonic stimulation, the bubble oscillates and at sufficiently high ultrasonic pressure levels, the bubble can collapse. Collapse cavitation is termed ''inertial collapse'' because the bubble motion is dominated by the inertia of the liquid. There are some excellent treatments of bubble dynamics and inertial cavitation (Gilmore, 1952; Flynn, 1975a Flynn, , b, 1982 Keller and Miksis, 1980; Apfel, 1981b; Flynn and Church, 1988; Matsumoto and Watanabe, 1989; Prosperetti and Lezzi, 1986; AIUM, 2000; NCRP, 2002; Church 2002 Church , 2005 . Cavitation can affect a biological system by virtue of a temperature increase, a mechanical stress, and/or free radical production. Even so, this is traditionally referred to as a non-thermal mechanism.
The occurrence of cavitation, and its behavior, depends on many factors, including: the ultrasonic pressure; whether the ultrasonic field is focused or unfocused, or pulsed or continuous; to what degree there are standing waves (i.e., energy reflecting back onto itself); and the nature and state of the material and its boundaries. Experimentally, because cavitation would probably affect only a single or a few cells, it would be extremely difficult to detect an adverse biological effect, unless the cavitation events were widespread among a large volume of tissue. The latter has been shown to be the case when mammalian nervous system tissue was exposed to ultrasonic levels in excess of I SPTP of 1000 W/cm 2 for a pulse duration of at least 1 ms (Dunn and Fry, 1971; Frizzell, 1988) ; these conditions are outside of the diagnostic equipment range.
Theoretical predictions suggested that inertial cavitation could occur in liquids by diagnostic ultrasound exposures provided that appropriate cavitation nuclei were present (Apfel, 1982 (Apfel, , 1986 Flynn, 1982; Apfel and Holland, 1991) . The minimum threshold for inertial cavitation was calculated for the diagnostically relevant frequency range (Apfel and Holland, 1991) , and this theory served as the basis for the ODS's Mechanical Index (ODS, 1992) . A theoretical prediction considered the possibility of spontaneous nucleation in tissue modeled as a homogeneous liquid, in the absence of preexisting nuclei, wherein a frequency-independent (1-15 MHz) rarefactional pressure threshold was on the order of 4 MPa (Church, 2002) . However, soft tissue is a viscoelastic material, not a pure liquid, and recent theoretical predictions suggest that inertial cavitation thresholds are higher for soft tissue than liquids (Yang and Church, 2005) . Thus, there has been no experimental evidence to suggest that inertial cavitation events occur in mammalian parenchymal tissue from exposure-like conditions employed with diagnostic ultrasound equipment, that is, endogenous cavitation nuclei are rare in most tissues.
Cavitation with injected microbubbles
The principal medical application of ultrasound contrast agents (UCAs) is to enhance the echogenicity of blood. Such ultrasound contrast agent microbubbles provide preexisting nuclei and thus the possibility for ultrasound-induced cavitation and potential for bioeffects. It is unfortunate that the MI has become the UCA exposure quantity, but the MI is an exposure quantity available to system operators. The concept is well founded, but the science is weak because the MI is a waterbased measurement, not an in situ measure of ultrasonic pressure. For the same displayed MI, the in situ ultrasonic pressure varies as a function of the interposed tissue attenuation coefficient and thickness. Also, what ultrasonic pressures (thresholds) are necessary to collapse UCAs in vivo are unknown.
Using a passive cavitation detector, UCA rupture based on ultrasonic emissions from single Optison TM UCAs have been measured (Fig. 20) (Ammi et al., 2004 Wang et al., 2006) . Ultrasonic pulses were transmitted into weak solutions of Optison TM . Signals detected with a 13-MHz center-frequency transducer revealed post-excitation ultrasonic emissions (between 1 and 5 ms after excitation) with broadband spectral content. The observed ultrasonic emissions were consistent with the US signature that would be anticipated from inertial collapse followed by ''rebounds'' when an UCA ruptures and thus generates daughter/free bubbles that grow and collapse. The peak rarefactional pressure threshold for detection of these emissions increased with frequency (po0.0001), but the apparent threshold decrease with increasing pulse duration was not statistically different. The estimated MI thresholds at the 4 frequencies of 0.9, 2.8, 4.6 and 7. 1 MHz (Fig. 20) were 0.6, 0.7, 0.7 and 0.9 , respectively, well within the diagnostic ultrasound exposure levels (FDA, 1997).
Concerns about the potential bioeffects of inertial cavitation associated with the interaction of ultrasound with contrast agents in human beings have been addressed (AIUM, 2000; NCRP, 2002) . These concerns were raised by studies documenting hemolysis of erythrocytes in vitro in cell suspensions that contained contrast agent and in vivo in mice injected with intravenous contrast agent that were exposed to pulsed ultrasound (Williams et al., 1991; Dalecki et al., 1997b; Miller et al., 1997; Miller and Gies, 1998a, b; Poliachik et al., 1999; Brayman and Miller, 1999) . In vitro studies have reported damage to monolayers of cultured cells whose culture media contained contrast agent and were exposed to pulsed ultrasound (Brayman et al., 1999a; Ward et al., 1999; Miller and Bao, 1998; Miller and Quddus, 2000a) . Hemorrhage in the vascular beds of the intestine and skin (Miller and Quddus, 2000b; Miller and Gies, 2000) and damage to cells in the heart (Skyba et al., 1998) were also demonstrated in mice and dogs, respectively, following intravenous injection of contrast agent and exposure to pulsed ultrasound. In vivo studies have reported induction of petechiae and hemolysis (Killam et al., 1998; Skyba et al., 1998; Miller and Quddus, 2000b; Wible et al., 2002; Hwang et al. 2005 ), damage to the intestinal wall Gies, 1998a, b, 2000; Kobayashi et al., 2002 Kobayashi et al., , 2003 , and alteration to the blood-brain barrier (Schlachetzki et al., 2002; Hynynen et al., 2003) .
More medically significant have been the reports of arrhythmogenic changes that included premature ventricular contractions in healthy adult human beings during triggered second harmonic imaging of a UCA for myocardial perfusion (van Der Wouw et al., 2000) ; supraventricular tachycardia or non-sustained ventricular tachycardia in patients at risk for syncope, supraventricular tachycardia, or ventricular tachycardia after intravenous administration of UCA and exposure to therapeutic transthoracic lowfrequency ultrasound (Chapman et al., 2005) ; and cardiac arrhythmogenesis in a rat model (Zachary et al., 2002) . Cavitation has been suggested as the likely mechanism for microbubble-induced premature cardiac contractions (Dalecki et al. 2005 ).
In addition, there are also a number of possible therapeutic benefits of UCAs. A significant problem in cancer chemotherapy is the compromised quality of life experienced by the patient due to the side effects of these drugs. Delivery of drugs directly and specifically to solid tumors is often inefficient, and as a result, the patient's healthy cells and tissues are subject to the toxic effects of the drugs. Thus, it is important to develop therapeutic strategies that deliver drugs to the appropriate cells within the patient in a way that is specific, efficient, and safe. One such method involves the use of US to enhance cell permeability. With this method, it is possible via the vasculature of the tumor, to deliver therapeutic compounds placed within UCAs directly to tumor cells when the tumor is insonated with US and the UCAs are ruptured. In addition, when exposed to US, the membrane of a cell can become transiently permeable. This effect, termed sonoporation, is enhanced when UCAs undergo cavitation near the cells. Small compounds (Brayman et al., 1999b; Guzman et al., 2001; Kayhani et al., 2001) , macromolecules (Guzman et al., 2002; Miller et al., 1999) , DNA (Bao et al., 1997; Greenleaf et al., 1998; Wyber et al., 1997; Amabile et al., 2001; Lawrie et al., 2000; , protein (Mukherjee et al., 2000; Weimann and Wu, 2002) , and other therapeutic compounds (Harrison et al., 1996; Kayhani et al., 2001; van Wamel et al., 2004) have been delivered into cells using US. This membrane alteration can be transient (McNeil, 1989) , leaving the compounds trapped inside the cell after US exposure. Thus, sonoporation is a viable delivery method, ensuring site-specific drug delivery or transfection.
Even though this section deals with non-thermal mechanisms, UCAs can have an effect on bulk tissue heating (Hilgenfeldt et al., 1998 (Hilgenfeldt et al., , 2000 Chavrier and Chapelon, 2000; Holt and Roy, 2001; Sokka et al., 2003; Umemura et al., 2005) . Typically, there is at least a 2-4 times enhancement of tissue heating by cavitation, or, if the bioeffect were a lesion, the lesion volume was likewise enhanced. Also, single bubbles undergoing inertial collapse can cause plasma formation and temperature elevation (E4300-5000 K) sufficient to induce thermal injury (Didenko et al., 1999; Suslick, 2001) . Additionally, such high temperatures in an aqueous medium may result in the formation of chemically reactive free radicals (Verral and Sehgal, 1988 ) that can cause damage.
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Ultrasound-induced lung hemorrhage
One of the most extensively studied ultrasound-induced biological effects is lung hemorrhage. However, the mechanism is not clear. While heating resulting from the absorption of ultrasound can cause tissue injury, heating has been experimentally excluded as the mechanism responsible for ultrasound-induced lung hemorrhage via thermocouple measurements (Hartman et al., 1992) . A thermal mechanism has also been excluded via a pathological evaluation of laser-induced lung lesions . Also, inertial caviation has been excluded as the mechanism using an overpressure procedure (O'Brien et al., 2000) and the injection of contrast agents (O'Brien et al., 2004b) . Some general observations can be made, however, from the extensive number of ultrasound-induced lung damage threshold studies. Fig. 21 shows all of occurrence threshold findings across four species using the same methodology [mouse (Zachary et al., 2001a) , rat (Zachary et al., 2001a; O'Brien et al., 2001 O'Brien et al., , 2003b , rabbit , and pig (O'Brien et al., 2003a) ]. Pre-2000 occurrence threshold findings ( Fig. 22 ) across three species [mouse (Child et al., 1990; Raeman et al., 1993 Raeman et al., , 1996 Frizzell et al., 1994; Dalecki et al., 1997d) , rat (Holland et al., 1996) , pig (Baggs et al., 1996; Dalecki et al., 1997c) ] have also been reported (AIUM, 2000) for which experimental techniques and statistical approaches were different from the statistical analysis procedure (Simpson et al., 2004 ) used with Fig. 21 experiments. A principal difference between the two sets of studies lies in the exposure duration wherein Fig. 21 threshold findings used a 10-s ED while the pre-2000 threshold findings ( Fig. 22) used typically longer EDs. The 10-s ED yielded occurrence thresholds typically higher (median: 3.0 MPa; range: 1. 2-5.8 MPa) than the pre-2000 thresholds (median: 1.0 MPa; range: 0.4-2.5 MPa).
All of these occurrence threshold values (from Figs. 21 and 22) have been organized as a function of frequency ( Fig. 23 relative to ultrasonic pressure and Fig. 24 relative to Mechanical Index). Virtually every ultrasound-induced lung hemorrhage threshold is less than the FDA regulatory limit ( MIo1.9, FDA 1997) , that is, within the diagnostic ultrasound frequency range. These thresholds are over a wide range of animal weights [mouse: 22-32 g, rat: 190-330 g, rabbit: 1.9-2.9 kg, and pig: 1-25 kg] and chest wall thicknesses [mouse: 1.9-4.9 mm, rat: 4.1-6.0 mm, rabbit: 5.0-6.6 mm, and pig: 2-22 mm]. Fig. 21 . Summary of ED05 (5%) lesion occurrence thresholds in terms of p r(in situ) (MPa) (bars; left axis) and MI (lines, right axis). *denotes the studies that are evaluated under the same exposure conditions. Error bars are SEMs. These data, by groupings from left to right, are derived, respectively, from Zachary et al. (2001a) and O'Brien et al. (2001 O'Brien et al. ( , 2003a O'Brien et al. ( , b, 2006 . Fig. 23 . Global summary of lesion occurrence thresholds in terms of in situ peak rarefactional pressure as a function of frequency for four species (see Figs. 21 and 22) . The solid line is the threshold equation derived from pre-2000 data (AIUM, 2000). Fig. 24 . Global summary of lesion occurrence thresholds in terms of the Mechanical Index as a function of frequency for four species (see Figs. 21 and 22) . The solid line denotes an MI of 1.9, the FDA regulatory limit (FDA, 1997). Fig. 22 . Summary of lesion occurrence thresholds in terms of p r(in situ) (MPa) (bars; left axis) and MI (lines, right axis) from studies not using our experimental techniques and statistical approach. These data, by groupings from left to right, are estimated, respectively, from Child et al. (1990) , Raeman et al. (1993 Raeman et al. ( , 1996 , Frizzell et al. (1994) , Holland et al. (1996) , Baggs et al. (1996) and Dalecki et al. (1997c, d ).
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The results of the studies using mice, rats, rabbits and pigs have shown two important facts relative to the biological mechanisms of damage: (1) there are no differences in biological mechanism of injury induced by ultrasound based on species and age; therefore, structural differences among mammalian species studied are independent of the biological mechanism that causes ultrasound-induced lung damage and (2) lesions induced by ultrasound are similar in morphology in all species and age groups studied, and the character of the lesions is independent of frequency, PRF, and beamwidth. These findings suggest that the mechanism of injury is similar in all species and age groups. It is thus plausible to speculate that the same biological mechanism causing ultrasound-induced lung hemorrhage in laboratory animals may be in play in human beings undergoing sonographic procedures with direct or incidental exposure of lung, especially patients with pulmonary disorders and ''at risk'' neonates. However, the extent of ultrasound-induced lung damage, and the ability of the lung to heal (Zachary et al., 2001b) , lead to the conclusion that while diagnostic ultrasound can produce lung damage at clinical levels, the degree of damage does not appear to be a significant medical problem.
